ABSTRACT: In digital X-ray imaging systems, X-ray imaging detectors based on scintillating screens with electronic devices such as charge-coupled devices (CCDs), thin-film transistors (TFT), complementary metal oxide semiconductor (CMOS) flat panel imagers have been introduced for general radiography, dental, mammography and non-destructive testing (NDT) applications. Recently, a large-area CMOS active-pixel sensor (APS) in combination with scintillation films has been widely used in a variety of digital X-ray imaging applications. We employed a scintillatorbased CMOS APS image sensor for high-resolution mammography. In this work, both powder-type Gd 2 O 2 S:Tb and a columnar structured CsI:Tl scintillation screens with various thicknesses were fabricated and used as materials to convert X-ray into visible light. These scintillating screens were directly coupled to a CMOS flat panel imager with a 25 × 50 mm 2 active area and a 48 µm pixel pitch for high spatial resolution acquisition. We used a W/Al mammographic X-ray source with a 30 kVp energy condition. The imaging characterization of the X-ray detector was measured and analyzed in terms of linearity in incident X-ray dose, modulation transfer function (MTF), noise-power spectrum (NPS) and detective quantum efficiency (DQE).
Introduction
In recent years, digital mammography (DM) has been introduced into the mammography field to replace conventional film-screen (FS) technology for the display of breast images. There are two methods such as indirect and direct detection to convert X-rays into electronic readout signals. In the indirect method, scintillation screens such as Gd 2 O 2 S:Tb and CsI:Tl materials are used to convert to the X-rays into visible light. Solid-state imaging devices such as amorphous silicon (a-Si) TFT, CMOS flat panel detectors and CCDs have widely been used to transform the incident visible light into an electric signal [1] . In the direct conversion method, photoconductors such as amorphous selenium, polycrystalline CdTe, HgI 2 , PbI 2 , and PbO materials are used to convert incindent X-rays into proportional electric charges [2] . Large area CMOS active-pixel sensor (APS) technology has been used recently in many digital X-ray imaging applications. The CMOS-based X-ray detector has significant advantages such as the highly developed manufacturing process of the semiconductor, relative low manufacturing cost, system-on-chip integration and compactness [3] .
In this work, both Gd 2 O 2 S:Tb (Gadox) and CsI:Tl scintillation screens were used as conversion materials from X-rays into visible light because of their high scintillation efficiency and good spectral matching between the emission wavelength and silicon-based photo sensor. A variety of Gd 2 O 2 S:Tb and CsI:Tl scintillating screens with different thicknesses were manufactured and directly combined with a commercial CMOS flat panel imager with a 25 × 50 mm 2 field-of-view (FOV) and a 48µm pixel pitch for potential use in mammographic applications. Their X-ray imaging characterization was measured at 30 kVp of X-ray tube voltage using a W-anode, and an Al filter of 0.5 mm. The X-ray imaging performance of the CMOS flat panel imager in conjunction with different scintillation screens was investigated in terms of signal response to exposure X-ray dose, modulation transfer function (MTF), noise-power spectrum (NPS) and detection quantum efficiency (DQE) in the Fourier domain under the International Electrotechnical Commission (IEC) RQA 5 standard.
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Materials and methods
In this experiment, typical powdered Gadox (Gd 2 O 2 S:Tb, Kasei Optonix, Ltd.) materials were fabricated onto a 2.5 × 5 cm 2 glass substrate through particle in binder (PIB) and screen printing(SP) methods to create the X-ray scintillation screens. Furthermore, CsI:Tl films with columnar structure were fabricated by the thermal evaporation method for the measurement of X-ray imaging performance. The prepared scintillation screens and their microstructures are shown in figure 1. White TiO 2 reflective material was used in order to increase the light collection efficiency of isotropically emitted visible light from the scintillation screens employed. The white TiO 2 reflective layer was deposited on a glass substrate through a spin-coating process. The detail manufacturing process and descriptions are reported in [4] . The fabricated scintillating screens were directly coupled on commercial CMOS photodiode pixel arrays, which collect the emitted visible light from scintillating screens. This CMOS flat panel detector consisted of a fiber-optic faceplate (FOP) on a photodiode array surface with 512 × 1024 pixels and a 48 µm pixel pitch, as well as a pixel fill factor of more than 80%. The FOP was 3 mm-thick, with a fiber size of 6 µm and optical transmittance of 50-60% in order to prevent direct X-ray absorption on the photodiode array. Details on the physical specifications of the commercial CMOS device are to be published in [5] . A RadEye1 T M CMOS APS imager (RadEye1, Rad-icon Imaging Corp., USA) with 25 × 50 mm 2 sensitive area was connected to a Shad-o-Snap camera module (a digital frame grabber). Voltage signals from the CMOS APS photodiode array were digitized to 12 bit resolution through analog-to-digital converters (ADCs). The acquired 12-bit image data were transferred and saved through a USB cable to the corresponding ShadowCam software program. Different 50-120µm-thick Gadox and 150-200µm-thick CsI:Tl scintillating screens with and without reflectors were directly placed on the FOP surface of CMOS photodiode arrays, as shown in figure 1 . The readout time was 2000 ms for the experimental measurements. We used a 30 kVp tungsten-anode target with a 35 µm focal spot (Oxford Instruments, Inc., USA) and 0.5 mm-thick aluminum filtration for mammographic conditions. The measured half-value layer (HVL) of aluminum was 1.077 mm in thickness. The distance between the X-ray source and the detector was 500 mm, and X-ray exposure doses were varied by changing the X-ray beam current (mA) from 0.1 to 0.9 mA at a fixed X-ray tube voltage of 30 kVp.
Results and discussion
The linearity of the fabricated scintillating screens was acquired by measuring the average pixel value over the region of interest (ROI) of X-ray images as a function of exposure dose. The results for various scintillation screens are plotted in figure 2. These detectors were found to have linear response curves relation to the whole exposure dose. A thicker Gadox scintillating screen shows higher light intensity and a larger slope than samples with thinner screens. The signal to-noise ratio (SNR) was measured by dividing the average pixel value by the standard deviation over the same ROI in the images. The mean pixel value and SNR as a function of exposure dose are shown in figure 2 .
The MTF, expressing the spatial resolution of the imaging detectors, was measured using the slant slit method with a 10 µm width slit camera (I.I.E. GmbH, Aachen, Germany) to avoid aliasing. The MTF curves were measured by the Fourier transform of the acquired line spread function (LSF) curves. The NPS as a function of the spatial frequency (f) was measured from the twodimensional (2D) Fourier transform of white X-ray images for various samples under a 12.5 mR (Roentgens) exposure dose using 30 kVp. The one-dimensional (1D) NPS was then obtained from the 2D NPS on a radial direction and subsequently normalized for the mean pixel value of the ROI, resulting the normalized NPS (NNPS). With the measured MTF (f) and NNPS (f) values, DQE (f) curves were calculated by the following equation [6, 7] :
Where q is the number of incident X-ray photons per unit mR per mm 2 and X is the exposure dose in units of mR. Values of 72,357/mm 2 /mR for the RQA 5 condition are used in these calculations for all samples.
The MTF value of the Gadox screen with a 50 µm thickness was higher than that of other scintillating samples because of less light spreading in the scintillating screen layer, as shown in figure 3 . NPS curves have a similar form to the NPS falling over the whole spatial frequency region, as shown in figure 3 . Figure 4 shows the calculated DQE (f) curves at a dose of 12.5 mR from the measured MTF and NPS curves for the RQA 5 beam quality condition. The DQE (f) value of the 50 µm-thick Gadox scintillating screen was higher than of the other samples in the high spatial frequency region because of the higher spatial resolution. The estimated DQE values with different scintillation screens at zero frequency were in the range of 0.15-0.3 at a dose of 12.5 mR. These values are significantly lower when than those of commercial detectors in use for current mammography application. Further improvement of DQE performance is still required through more uniformly fabricated scintillating screens with optimized thickness that do not demonstrate significant loss of signal and spatial resolution.
Conclusions and future work
In this work, digital imaging detectors with various several µm-thick Gadox and CsI:Tl scintillation screens and a commercial CMOS APS image sensor were studied for mammography application. Their X-ray imaging performance characteristics, in terms of X-ray linearity, MTF, NPS, and DQE, were investigated under the RQA 5 beam quality condition with 30 kVp of X-ray tube voltage. The measured results showed good linearity over the whole exposure dose and high MTF curves at high spatial frequencies. Furthermore, high spatial resolution and DQE at high spatial frequency was achieved with a 50 µm-thick Gadox scintillating screen and a CMOS flat panel detector with a 48 µm pixel pitch. However, the DQE performance of the detector is much lower than that of commercial digital mammographic detectors. Therefore, improvements in detectors are still required through a suitable choice among various scintillators, as well as the structural design and fabrication of uniform-and optimized scintillator thickness for high-quality mammographic imaging.
